Cite this article: Desyatova A, Poulson W, MacTaggart J, Maleckis K, Cross-sectional pinching in human femoropopliteal arteries due to limb flexion, and stent design optimization for maximum cross-sectional opening and minimum intramural stresses. J. R. Soc. High failure rates of femoropopliteal artery (FPA) interventions are often attributed to severe mechanical deformations that occur with limb flexion. One of these deformations, cross-sectional pinching, has a direct effect on blood flow, but is poorly characterized. Intra-arterial markers were deployed into n ¼ 50 in situ cadaveric FPAs (80 + 12 years old, 14F/11M), and limbs were imaged in standing, walking, sitting and gardening postures. Image analysis was used to measure marker openings and calculate FPA pinching. Parametric finite element analysis on a stent section was used to determine the optimal combination of stent strut amplitude, thickness and the number of struts per section to maximize cross-sectional opening and minimize intramural mechanical stress and low wall shear stress. Pinching was higher distally and increased with increasing limb flexion. In the walking, sitting and gardening postures, it was 1.16 -1.24, 1.17 -1.26 and 1.19 -1.35, respectively. Stent strut amplitude and thickness had strong effects on both intramural stresses and pinching. Stents with a strut amplitude of 3 mm, thickness of 175 mm and 20 struts per section produced pinching and intramural stresses typical for a non-stented FPA, while also minimizing low wall shear stress areas, and ensuring a stent lifespan of at least 10 7 cycles. These results can help guide the development of improved devices and materials to treat peripheral arterial disease.
Introduction
Peripheral arterial disease (PAD) often manifests as an atherosclerotic obstruction of the femoropopliteal artery (FPA), reducing blood flow to the lower limbs. It is a major public health burden and is associated with significant costs [1] because of the high numbers of peripheral vascular operations and interventions that fail, resulting in poor clinical outcomes and a frequent need for repetitive interventions [2 -5] .
A significantly higher frequency of FPA reinterventions compared with other arterial beds, such as carotid or iliac arteries, suggests that the local mechanical environment of the FPA plays a significant role in its pathophysiology [6] . Surrounded by powerful muscles, the FPA experiences severe mechanical deformations with limb flexion that include axial compression [7] , bending [7, 8] , twisting [9] and cross-sectional pinching. These deformations and the associated forces acting cyclically with each limb flexion can ultimately injure the arterial wall, producing deleterious cellular and biochemical responses, and culminating in disease development, progression and reconstruction failure [6,8,10 -14] . Understanding the magnitude of these deformations and the & 2018 The Author(s) Published by the Royal Society. All rights reserved. associated forces is particularly important for the design of materials and devices used in PAD repair, as these devices need to withstand the severity of the mechanical environment in the lower limb.
Several prior studies have used in vivo imaging [15 -17] to quantify limb flexion-induced deformations of the leg artery, but these measurements often relied on arterial side branches that tether the FPA to the surrounding tissues, thereby restricting deformations and resulting in significantly underestimated results [6, 8] . Other studies have used stents [18] [19] [20] [21] to assess deformations of the FPA, but because different stents affect baseline deformations differently [21 -23] , these results may be applicable only to a particular device that was used to perform measurements. In addition, intricate stent patterns significantly complicate independent measurements of FPA deformation modes because many devices demonstrate coupled compression/bending/twisting/pinching behaviour [21, 23] .
To overcome these limitations, a new approach using a perfused human cadaver model was successfully implemented to measure limb flexion-induced axial compression, bending and twisting of the FPA with limb flexion and extension [7] [8] [9] 21] . In this approach, a custom-designed intra-arterial marker system and clinical computerized tomography (CT) imaging was used to spatially track the FPA in different limb flexion postures corresponding to normal daily activities of standing, walking, sitting and gardening. Intra-arterial markers had no sizable effect on limb flexioninduced deformations [9, 21] , but allowed their accurate and repeatable measurements without relying on arterial side branches. Using this technique, recent studies reported axial compression [7] , bending [7] and twisting [9] of the FPA with limb flexion, but the method also allows direct assessment of cross-sectional pinching-a characteristic that has a paramount effect on blood flow but has not yet been evaluated in previous studies and is therefore poorly understood.
Characterization of limb flexion-induced pinching of the FPA is particularly important for treatment of heavily calcified lesions [24] in arterial segments that experience significant deformations and require stents that can maintain an open lumen during acute bending of the artery. While making a stiff device that would remain open is fairly straightforward, the trade-off is high intramural stresses that such a device would chronically introduce to the arterial wall [25, 26] , thereby disrupting the healing process and potentially worsening clinical outcomes. In this study, we performed a parametric computational analysis to determine the optimal combination of stent strut amplitude, thickness, number of struts per section and length of interconnectors to maximize the cross-sectional opening of the artery during limb flexion while maintaining the baseline intramural stress level, ensuring adequate fatigue performance of the stent and minimizing low pathogenic wall shear stress.
Methods

Human cadaver model and assessment of femoropopliteal artery pinching
Custom-made four-legged intra-arterial markers were laser-cut from nitinol tubes and heat-set to the shape depicted in the insert of figure 1 . Two of the four legs were longer, and one of the long legs had extra material at the tip for easy identification of marker orientation on imaging. The markers were designed to exert the same small radial force on both the long and the short pairs of legs, which was achieved by varying the length and width of these legs. The hollow head of each marker allowed them to be placed on a string for easy delivery and retrieval. Two sets of markers, each containing 22 devices spaced 2 cm apart, were made and validated in silicone tubes to ensure that markers maintained their position during tube deformations without sliding along the lumen [9] . Each set of markers was then compressed and loaded into a 6-French plastic tube for minimally invasive delivery into the cadaveric FPA (figure 1).
Markers were deployed under fluoroscopic guidance into n ¼ 50 limbs of 25 perfused lightly embalmed human cadavers (80 + 12 years old, 14 female, 11 male, no peripheral artery interventions, no aneurysmal disease and no metal prostheses that can interfere with CT imaging). The use of human cadavers is not considered human subjects research, and did not require Institutional Review Board approval. Light embalming [27] with glutaraldehyde-based solution as opposed to formaldehyde-based solution allowed preservation of natural tissue elasticity, which was verified by performing tensile mechanical testing [28 -30] and comparing data with similarly aged fresh FPAs [21, 31, 32] (figure 2a).
Details of the intra-arterial marker deployment method and its validation are provided in our previous works [7, 9, 21] ) postures, and used to measure openings between the long and short legs of each marker in each limb flexion state using the Mimics (Materialize Co., Leuven, Belgium) software. All measurements were acquired by a single operator to reduce variability.
Deployment of intra-arterial markers had no measurable effect on limb flexion-induced FPA deformations [21] , which was verified by imaging the artery before and after marker deployment (figure 2b). For the FPA presented in figure 2b, average pinching without the markers was 1.129 + 0.13 (range 1.009-1.431) and with the markers 1.130 + 0.13 (range 1.004-1.458), and a paired two-tailed t-test demonstrated no difference between the two cases ( p ¼ 0.93).
To further characterize the amount of radial force that markers exerted on the FPA wall, 10 markers were randomly selected from the batch and tested under uniaxial compression using a CellScale Biotester equipped with a 5 N loadcell. During the test the head of each marker was fixed between the clamps on one axis of the Biotester, and compressive displacement was applied on another axis ( figure 3a,b) . Loading -unloading force -displacement curves (figure 3c) were fitted with a line equation using Matlab (MathWorks, Natick, MA, USA), which produced a measure of marker stiffness k that related displacements to force, and allowed assessment of the local radial force associated with limb flexion in each marker in situ by measuring the difference between marker openings in the straight and flexed limb postures and multiplying the result by k ¼ 21.6 + 1.3 mN mm 21 . Marker openings were also used to assess pinching of the FPA by calculating the ratios of largest to smallest openings (figure 1). Comparison of these openings in all flexed limb postures with those in the straight limb posture allowed measurement of limb flexion-induced change in cross-sectional diameter, i.e. the d=D ratio, which will be further referred to as compression. Here, d and D are marker openings (i.e. FPA diameters) in the flexed and straight postures, respectively, that were measured for both short and long pairs of marker legs (figure 1). As many FPA cross sections were skewed, we have selected the smallest d=D ratio between the long and short pairs of marker legs to represent the most severe compression in a given FPA segment. Change in cross-sectional area along the length of the FPA was assessed as the area of the ellipse with major and minor axes represented by marker openings.
Finally, the FPA along its length was divided into the superficial femoral artery (SFA), spanning from the profunda femoris (PF) artery take-off to the adductor hiatus (AH), and the popliteal artery (PA), which spanned from the AH to the tibioperoneal trunk (TPT). The centre of the AH was defined using the anterior projection view to locate the point at which the FPA crosses the femur, and the length of the AH was assumed to occupy the last and first 10% of the SFA and PA lengths, respectively. Maximum pinching, most severe compression and forces occurring in each of the three FPA segments were calculated for each limb in each posture. Pearson's correlation coefficient r was used to assess the strength of correlations with age. The hypothesis of no correlation was tested against the alternative that there is a non-zero correlation assuming statistical significance at p , 0.05. When appropriate, paired two-tailed t-tests with statistical significance set at p , 0.05 were used to assess differences between two groups.
Influence of stent design on femoropopliteal artery pinching, intramural stresses and fatigue performance
Finite element analysis (FEA) was used to study how FPA pinching is affected by different stent designs. A generic 7 mm diameter sine-wave stent section with a circular cross section was parametrically constructed using Python scripting in Abaqus 2017 CAE (Simulia; Dassault Systemes, Waltham, MA), taking advantage of the model symmetry to reduce computational cost. Three geometric parameters were varied to change stent characteristics, including strut amplitude (A ¼ 1, 2, 3 mm), strut thickness (t ¼ 100 mm, 175 mm, 250 mm) and the number of struts per stent section (N ¼ 8, 12, 20) (figure 4), resulting in a total of 27 models. The stent was modelled using a superelastic material model for nitinol available in Abaqus with two different sets of material properties adopted from Gö kgö l et al. [33] and Kleinstreuer et al. [34] . For convenience these parameters are summarized in table 1.
The arterial segment was modelled as a tube with an inner diameter of 6 mm and wall thickness of 1.1 mm typical for human FPA. Axial loading was not simulated because during limb flexion FPAs undergo axial compression [7] that releases most of the axial tension [29] . A two-fibre family Holzapfel-Gasser-Ogden constitutive model [35] with C 0 ¼ 23:3 kPa, C by setting the ratio of the initial bulk modulus to the shear modulus at K 0 =C 0 ¼ 20, and arterial density was assumed to be 1 g cm 23 . The tube was filled with a soft and near incompressible material to simulate the effects of blood in supporting the wall during bending. Linear elastic material was used to simulate the filling, and the elastic modulus was set to 0.1 kPa with a Poisson's ratio of 0.499 producing a 1.41 pinching ratio during bending-an upper limit of FPA pinching observed in the cadaver experiments.
Prior to deployment into the artery, the stent was crimped using a rigid tubular catheter meshed with surface elements SFM3D4R with 7 g cm 23 density. The ends of the artery were constrained to move as rigid bodies guided by reference points, and equal and opposite rotations of 908 were prescribed to these reference points, followed by distance adjustment to produce a bent configuration. The stent was then deployed accounting for the contact between the stent and the inner arterial surface using a general contact algorithm with a friction coefficient of 0.4. To reduce oscillations during stent deployment, a small viscous pressure of 0.01 kPa was applied to the inner surface of the wall. The amount of viscous pressure was chosen such that it eliminated oscillations yet did not affect arterial deformation. Finally, the stabilization step was performed to allow the stent -artery system to equilibrate. During all steps, loading rates and time increments were chosen to keep the kinetic energy within 5% of the internal energy of the system. Mesh sensitivity analyses for the stent and the arterial wall were performed to ensure mesh-independent results in terms of maximum principal strains and von Mises stresses, respectively.
Stent designs and material parameters were compared in terms of the degree of arterial pinching they produced, measured as the ratio of the long to short axes of the elliptical cross section; in terms of the maximum principal strains in the stent; and in terms of the average intramural von Mises stress in the region that involved the stent and 1 mm of artery on both sides of the stent. Finally, the stent fatigue safety factor (FSF) for each rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180475 design was assessed based on the nitinol endurance limit of 0.4% [37] , and stent strain amplitude 1 a calculated as the difference between deployed stents in straight and bent FPA configurations at any given integration point as FSF ¼ 0:
Influence of stent design on wall shear stress
Computational fluid dynamics (CFD) analysis was performed to assess the effects of different stent designs on FPA haemodynamics. The inner surface of the bent and stented FPA segment was extracted from Abaqus, and the volume mesh was created using the 3Matic (Materialize Co., Leuven, Belgium) software. CFD analysis was performed using the Abaqus 2016 CFD solver (Simulia; Dassault Systemes, Waltham, MA), modelling blood as a Newtonian fluid with a viscosity of 0.0035 Pa s and density of 1.05 g cm 23 [39] . Inflow boundary conditions were adopted from Patel et al. [40] and represented a typical femoral artery pulsatile waveform. A zero pressure condition was imposed at the outlet of the artery, and two cardiac cycles were simulated [39] . Time averaged wall shear stress (TAWSS) was calculated to asses FPA haemodynamics using the last computed cardiac cycle. Mesh convergence was achieved with respect to a less than 5% difference in area with pathological TAWSS, which was defined as TAWSS less than or equal to 0.4 Pa [41].
Effect of axial interconnections on femoropopliteal artery pinching and intramural stresses
The best performing stent section design chosen based on intramural stress and haemodynamics analyses was used to make a 20 -24 mm device by connecting several stent sections with axial links. Two interconnector lengths were used, one short (1 mm) and one long (3 mm), to study the effect of connector length on FPA stresses and pinching. FE models were constructed and analysed using Abaqus 2017 as described above in §2.2. As stent models were no longer symmetric due to the presence of links, the analysis employed full stent and arterial geometries. extend to the most extreme data points not considered to be outliers, and the outliers are plotted using the red dot and are found as
, where q 1 ,q 3 are the 25th and 75th percentiles, respectively. Whiskers correspond to approximately +2.7 standard deviation or 99.3% coverage. The cross section of the FPA was not circular even in the standing posture with 1.14-1.19 major to minor axis ratios and more elliptical cross sections observed distally (figure 5a). Limb flexion resulted in more pinched cross sections ( p , 0.01) in all postures and arterial segments, and the increase was largest for the PA. Within the arterial segments pinching changed nonuniformly with peaks around the AH and in the PA below the knee where the artery also demonstrated severe bending [7, 8] (figure 1). Representative variation in crosssectional pinching along the length of the FPA is presented in figure 6a .
The most severe compression represented by the smallest d=D ratios observed in the FPA in the walking, sitting and gardening postures is presented in figure 5e -g. The ratio was smaller than 1 during limb flexion in all segments and all postures (p , 0.01). In the SFA, mean compression ranged from 0.90 to 0.87, at the AH 0.94 to 0.83 and in the PA 0.87 to 0.74, with more severe compression occurring in more flexed limb postures ( p , 0.01). Overall, the largest (i.e. the most severe) compression was 0.53 and it was measured in the PA in the gardening posture.
In the walking posture, the FPA experienced more compression in the SFA than at the AH (p , 0.01), but compression in the PA was higher than in the SFA (p ¼ 0.02). The same was true for the sitting posture (p ¼ 0.02, p , 0.01), but not for the gardening posture. In the gardening posture, the largest compression was also observed in the PA ( p , 0.01), but compression at the AH was higher than in the SFA 
Effect of stent design on femoropopliteal artery pinching, intramural stresses and stent fatigue performance
Effects of different stent designs on arterial pinching during limb flexion-induced bending and the associated average intramural von Mises stresses are illustrated in figure 7 . Here the colour of the markers represents stent strut amplitude, while shape refers to different strut thicknesses. Arrows depict the increase in the number of struts per stent section. The average cross-sectional ratio of the artery without the stent in the standing posture is marked with a red vertical line drawn at 1.16 (figure 5a). In an acutely flexed limb, this ratio can be as high as 1.41 (figure 5d), which is marked with a star symbol and a horizontal blue line that marks the baseline intramural von Mises stress associated with bending in figure 7 . Two sets of nitinol material parameters resulted in average differences of 0.8% and 1.9% in terms of pinching and average intramural von Mises stresses, respectively, and maximum differences reached 1.5% and 4.4%. Results below are presented for nitinol parameters adopted from Gökgöl et al. [33] . Illustration of how stenting affects FPA pinching, changing it from 1.41 at baseline to 1.01 with the stent, is demonstrated in figure 8 . Here, figure 8a illustrates the model of the artery and the inner body representing blood in a cross-sectional view before and after stenting, and figure 8b shows intramural von Mises stresses (kPa) in the same sections when the inner body is removed for better visualization. Figure 8c depicts intramural stresses due to stenting in the bent artery in the longitudinal view, illustrating high stress concentrations at the outer and inner bends. Figure 7 demonstrates that strut amplitude and thickness had the strongest effects on both intramural stresses and pinching. Thicker struts produced less pinching but higher intramural stresses, and similar results were observed for strut amplitude. The number of struts per stent section had a weaker effect, with the increase in the number of struts producing smaller intramural stresses and more severe pinching. Interestingly, in the case of very stiff stents depicted in the upper left corner of figure 7, the effect was reversed, and intramural stresses were higher for stents with more struts per cross section, while pinching was largely unaffected and the artery remained practically circular with the diameter close to the stent nominal size.
A stent with a strut amplitude of 3 mm, strut thickness of 175 mm and 20 struts per section produced a pinching of 1.14 (which is close to the average cross-sectional ratio of the non-stented FPA in the straight limb), while maintaining the baseline non-stented intramural von Mises stress level. Though it was possible to achieve an even more round FPA stented lumen in the acutely flexed limb, this was associated with significantly higher intramural stresses, particularly in designs that used short and thick stent struts. Stent strain amplitudes and FSF calculated as differences between bent and straight configurations are shown in figure 9 . Figure 9a demonstrates box plots of strain amplitudes for each stent design and each integration point. All stents demonstrated much lower strain amplitude than the nitinol endurance limit of 0.4%, shown in the graph as a red line, which suggests a lifespan of at least 10 7 cycles.
Mean strains mostly ranged from 20.4% to 0.4% for all devices. The smallest FSF calculated for each stent design is demonstrated in figure 9b . A minimum FSF of 4.1 was observed for the stent with A ¼ 1 mm, t ¼ 100 mm and N ¼ 20, which suggests that this design was more prone to failure due to fatigue. In all designs, failure was more likely to occur at stent apexes where higher strain amplitudes and higher von Mises stresses tended to localize.
Effect of stent design on femoropopliteal artery haemodynamics
The effect of stent design on the area of pathological TAWSS (less than or equal to 0.4 Pa) as a function of arterial pinching is demonstrated in figure 10a . Overall, TAWSS demonstrated similar trends to the intramural stresses presented in figure 7 .
In particular, strut amplitude and thickness had the strongest effect on haemodynamics, with stents that had shorter and thicker struts producing larger areas of pathological TAWSS. Though less important than amplitude and thickness, the increase in the number of struts resulted in smaller areas of low TAWSS. As observed previously with stresses, the latter trend was reversed for stiff stent designs depicted in the upper left corner of figure 10a. The optimal stent design characteristics that were chosen based on stress and pinching analyses produced a pathological TAWSS area of 1 mm 2 , which again was the optimal choice that allowed the baseline pinching ratio of 1.16 to be preserved. Figure 10b demonstrates TAWSS in the artery repaired with this optimal design (3 mm strut amplitude, 175 mm strut thickness and 20 struts), and compares it with the stent that produced the largest area of pathological TAWSS (2 mm strut amplitude, 250 mm strut thickness and 12 struts).
Effect of axial interconnections on femoropopliteal artery pinching and stresses
The best performing stent design with A ¼ 3 mm, t ¼ 175 mm and N ¼ 20 was used to create a stent section by 
Discussion
The FPA is a dynamic artery in the lower limb that experiences complex deformations with limb flexion, which include axial compression, bending, twisting and cross-sectional pinching. The severity of axial compression, bending and twisting has recently been demonstrated using a perfused human cadaver model [7] [8] [9] , and was speculated to contribute to poor clinical outcomes of open and endovascular PAD repairs [6] . The t = 100 µm t = 175 µm t = 250 µm t = 100 µm t = 175 µm t = 250 µm t = 100 µm t = 175 µm t = 250 µm rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180475 focus of the current study was to characterize cross-sectional pinching of the FPA during limb flexion because it has a direct effect on blood flow, and to determine optimal stent design parameters that maximize stented cross-sectional area while minimizing intramural stresses. Our data demonstrate that the FPA cross section deforms significantly with limb flexion, achieving on average 0.75 and a minimum 0.53 compression ratio in the gardening posture. These deformations are associated with significant pinching of the FPA and an increase in its cross-sectional aspect ratio from 1.14 to 1.19 in the standing posture to 1.19-1.35 in the gardening posture, with a maximum of 1.41 at the 75th percentile. In addition, compression ratios decrease with increasing limb flexion angle, and are non-uniformly distributed along the length of the artery, achieving lowest values distally in the PA below the knee where the artery experiences severe bending [7] .
Pinching of the FPA with limb flexion is poorly described in the literature. One computational study by Ghriallais & Bruzzi [42] reported a minimum lumen aspect ratio of 0.24 in the sitting posture, which is equivalent to 4.2 pinching as defined here. Authors have also reported average crosssectional areas of straight and flexed limbs of 37.9 mm 2 and 28.3 mm 2 , respectively, which allow calculation of the average arterial diameter in the straight limb (6.9 mm), and long and short diameters of the elliptical cross section in the flexed limb (12.3 mm and 2.9 mm, respectively). This corresponds to the d=D ratio of 2.9/6.9 ¼ 0.42, which is smaller than the 0.53 minimum ratio reported here. The discrepancy can stem from the choice of boundary conditions and material properties in the computational model by Ní Ghriallais & Bruzzi [42] , and may also be attributed to buckling of the hollow tube that they used to model the FPA.
Another study that described cross-sectional pinching of the FPA was performed by Brown et al. [43] , but measurements were obtained only in the straight limb posture under isometric thigh contraction. They reported a change in the cross-sectional aspect ratio from 1.14 in the relaxed thigh state to 1.30 [43] suggests that pinching reported here can be even more severe in vivo when the shape of the artery is affected by the powerful muscles of the limb. Finally, several recent studies have used stents to characterize FPA pinching during limb flexion [21, 44] , and have associated pinching with bending deformations. Furthermore, they have demonstrated appreciable differences in pinching produced by the intricacies of different stent designs [21] , and reported pinching in the range of 1.03-1.34 with an average of 1.18 + 0.11 across seven different devices. This large discrepancy in values and their dependence on device patterns suggest that, in order to inform future stent designs, baseline pinching should be assessed in non-stented FPAs.
Measurements of baseline FPA pinching can potentially be performed in vivo, but it is challenging to identify the same arterial locations along the length of the artery, and the same pairs of long and short axes in all cross sections as the artery progresses through the limb flexion states. The intra-arterial marker technique helps mitigate these challenges and allows straightforward measurement of baseline arterial pinching in the same arterial locations across all postures, but it can only be used in cadaver models that cannot account for active muscle contraction. Further analysis using patient data in different limb flexion states to supplement cadaver data can provide useful insights on the effects of active muscle contraction on FPA deformations through inverse methods and computational modelling. In the meantime, the data provided can inform stent design to maximize cross-sectional opening in the acutely bent limb while minimizing intramural stresses and ensuring adequate fatigue life.
Our analysis demonstrates that this goal is achievable when using a large number of long medium-thickness stent struts. The stent with these parameters produced rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180475 cross-sectional ratios typical for a straight limb posture, kept intramural stresses at the baseline non-stented level and was able to minimize areas with pathological low wall shear stress. In addition, this design appeared to maintain adequate fatigue life and could be used with either short or long axial interconnectors that produced similar results in terms of intramural stresses and pinching. While these results are promising, it is important to remember that current analysis did not include the effects of atherosclerotic plaques that significantly influence stent-artery interaction. Specifically, stiff calcified lesions may require stents with higher radial force to maintain an open lumen, which may require shorter and thicker struts that come at the expense of higher intramural stresses. As demonstrated here, in this case the use of longer axial interconnectors appears beneficial as they can help reduce intramural stresses while maintaining luminal opening.
Similar results with respect to computational stent design optimization have been reported previously [45, 46] , also indicating that longer struts and axial interconnectors reduce intramural stresses and result in less intimal hyperplasia [25, 45] . While the list of stent design features considered here is quite small, in the future this analysis can be augmented by including more design characteristics and other deformation modes to develop devices with fine-tuned patient-and segment-specific performance. Such studies will build on the body of existing stent optimization work [26, 33, [45] [46] [47] [48] [49] [50] [51] [52] [53] , and will use data on human FPA mechanical properties in different age and risk-factor groups and information on limb flexion-induced deformations [6] [7] [8] [9] 21, 23, 24, [28] [29] [30] [31] [32] . We envisage that such parametric analyses can become versatile tools in developing new-generation FPA stents that would have optimized mechanical and clinical performance. Competing interests. We declare we have no competing interests. Funding. Research reported in this publication was supported in part
